The breast cancer detection rate for digital breast tomosynthesis (DBT) is limited by the xray image quality. The limiting Nyquist frequency for current DBT systems is around 5 lp/mm, while the fine image details contained in the high spatial frequency region (>5 lp/mm) are lost. Also today the tomosynthesis patient dose is high (0.67-3.52 mGy). To address current issues, in this paper, for the first time, a high-resolution low-dose organic photodetector/amorphous In-Ga-Zn-O thin-film transistor (a-IGZO TFT) active pixel sensor (APS) x-ray imager is proposed for next generation DBT systems.
INTRODUCTION
Standard two-dimensional (2D) mammography x-ray breast imaging technology suffers a limited detection rate due to severe breast tissue overlap. 1 Digital breast tomosynthesis (DBT), as an alternative to mammography, eliminates the breast tissue superposition issue of mammography by reconstructing a series of tomographic cross-section images. [2] [3] [4] Current DBT systems consist of a moveable x-ray source, a photodetector, and an active-matrix thin-film transistor (TFT) array. [5] [6] [7] The x-ray source motion for tomosynthesis can be either "step and shoot" or "continuous." 8 The step and shoot motion reduces image blur due to x-ray source motion, while increases image blur due to human motion with increased total scan time. 8, 9 During the acquisition time (3.7-25 s), 9-25 low-dose projection images are obtained from a total scan angle from 15
• to 45
• . 9, 10 Increasing the total scan angle provides better vertical resolution. However, large number of projection images will prolong the total scan time and will increase the total dose. 9 Optimizing the image acquisition parameters for low dose is still under research. 8, 11, 12 The technical specifications of several clinically approved DBT systems (GE Essential, Hologic Selenia Dimensions, and Siemens Mammomat Inspiration) and the proposed next generation tomosynthesis system are shown in Table I . 5-7, 9, 10 Clinically, the obtained image quality needs to be optimized for radiologists to distinguish microcalcification details. 13 The limiting spatial frequency (Nyquist frequency) is defined as 1/(2a pix ), where a pix is the pixel pitch. A pixel pitch of ∼100 μm corresponds to the Nyquist frequency The MGD is for breasts of 2-8 cm thickness and 50% glandular fraction. The dose is 1.3 mGy for an average breast (50% glandular fraction, 5 cm thick) and can be as high as 3.52 mGy for dense breasts. c Cascaded system analysis shows that the detector x-ray exposure can be reduced by threefold without influencing the image quality significantly using the APS imager. Therefore, a 3× dose reduction is expected in combination with an advanced image reconstruction method.
(f Nyquist ) of 5 lp/mm due to the aliasing. 14 Higher spatial frequency (>5 lp/mm) can provide fine image details that should not be lost. A pixel pitch of <75 μm is required to resolve spatial frequency of >6.67 lp/mm. As shown in Table I , DBT systems with pixel pitch around 100 μm have been developed based on amorphous silicon (a-Si:H) TFT passive pixel sensor (PPS). 9, 10, 15, 16 Hologic Selenia Dimensions detector has a pixel pitch of 70 μm for mammography, but a 2 × 2 binning technology is generally used for DBT resulting in an effective pixel pitch of 140 μm. 10 In PPS, it is difficult to further reduce the pixel size due to the weak signal caused by the low detector entrance exposure per projection (∼1 mR) (Ref. 7) during tomosynthesis. We use the unit Roentgen (R) to define the x-ray exposure to the detector and Gray (Gy) to measure the patient glandular dose; 1 R is equal to 8.76 mGy of absorbed dose in dry air. For small pixel size and under low x-ray exposure conditions, the electronic noise becomes significant and will result in a limited signal-to-noise ratio (SNR) and a low detective quantum efficiency (DQE). 17 In addition, the detectable input signal is further attenuated by the pixel fill factor (FF) (0.4-0.8), 15, 18 which is defined by the ratio of photodiode active area over the entire pixel area. As a result, the detector entrance exposure per projection (∼1 mR) and patient mean glandular dose (MGD) remain high to compensate for weak signal. Feng et al. reported that the MGD for breasts of 2-8 cm thickness and 50% glandular fraction is 0.67-2.64 mGy (1.3 mGy for a 5 cm thick average breast) and can be as high as 3.52 mGy for dense breasts. 6 The dose of a single-view DBT exam is about one to two times that of a single-view full-field digital mammogram (FFDM). 19 The question of dose optimization for DBT has not been solved yet.
To achieve a high spatial frequency (>6.67 lp/mm) and a low patient dose (<0.4 mGy), we propose a vertically integrated indirect organic photodetector/amorphous In-GaZn-O (a-IGZO) TFT active pixel sensor (APS) x-ray imager for next generation low dose DBT systems. In contrast to PPS, APS amplifies the input signal on the pixel level and minimizes the influence of electronic noise by a charge gain. [20] [21] [22] 25 The a-IGZO TFT array is vertically stacked in combination with a low-cost poly(3-hexylthiophene):phenyl-C 61 -butyric acid methyl ester (P3HT:PCBM) organic photodiode (OPD) (Refs. 23-26) and a thallium-doped cesium iodide (CsI:Tl) scintillator, 27, 28 which addresses the diminishing FF issue when small pixel size is used. The electrical performance of the proposed a-IGZO TFT APS is studied by SPICE circuit simulation using the Rensselaer Polytechnic Institute (RPI) a-Si:H TFT model modified for a-IGZO TFT. 29 The noise and DQE of the active pixel a-IGZO TFTbased high-resolution x-ray imager are investigated using the cascaded system model in Sec. 4.
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X-RAY DETECTOR
2.A. Direct conversion detector
In general, DBT systems can be categorized into direct (Hologic Selenia Dimensions, and Siemens Mammomat Inspiration) and indirect conversion detectors (GE Essential). 9, 10 For direct conversion detectors, as shown in Fig. 1(a) , x-ray photons are absorbed by semiconductors such as amorphous selenium (a-Se) photodiodes and directly converted to electric signal. 33, 34 Compared to indirect detectors, direct conversion detectors eliminate problems associated with the light scattering of the scintillator, which can be an issue for high resolution DBT. 33 The incident noise power spectrum (NPS) for direct conversion detectors extend well above the f Nyquist . The aliasing and back-folding of NPS from spatial frequency above the f Nyquist degrades the SNR and DQE for spatial frequency region from zero to f Nyquist . 14, 35 The operational voltage for direct detectors is extremely high (typically 2 kV for a 200 μm a-Se photodiode), which can affect TFT and imager lifetime. 33 In general, it takes longer time to read out the signal from a-Se detectors which are operated at high voltage. To reduce the total scan time and compensate the small exposure area per pixel, techniques such as 2 × 2 pixel binning was introduced. 6, 9, 10 The pixel binning will increase the overall signal and reduce the scan time, but at the same time will reduce imager resolution. Zhao et al. indicated that the doubled pixel pitch (70 μm × 2 = 140 μm for Hologic Selenia Dimensions detector) 6 affects the image resolution. 7 The modulation transfer function (MTF) of the 140 μm binned direct Hologic Selenia Dimensions detector is comparable to that of a 100 μm indirect CsI:Tl/a-Si:H PPS detector. 48 For indirect DBT detectors, electronic noise considerations limit the readout rate at a 2-3× faster rate than for a-Se. Therefore, indirect DBT detectors do not require pixel binning and can achieve higher spatial resolution and faster scan time.
2.B. Indirect conversion detector
Indirect detectors have the greatest potential to achieve improved cancer detection performance and will allow patient dose below that of conventional mammography. For indirect conversion detectors, as shown in Fig. 1(b) , first absorbed x rays by a scintillating material generate visible light, that is detected next by a photodiode. 36, 37 Indirect detection systems commonly consist of a scintillator such as CsI:Tl or terbiumdoped gadolinium oxysulfide (Gd 2 O 2 S:Tb) and an amorphous silicon (a-Si:H) p-i-n photodiode. 5, [15] [16] [17] [18] The scintillators have a strong x-ray absorption properties generating >4 × 10 4 photons/MeV and a fast response time in the range of microsecond to millisecond. 38, 39 Therefore, indirect conversion detectors are suitable to be operated at a low dose condition and a short scan time (<4 s). Although in such detector it is expected that the MTF will reduce the signal due to scintillator scattering, but at the same time, the quantum noise will also be affected and the SNR will not be significantly influenced. 35 Currently, the fabrication cost for both a-Si:H pi-n or a-Se photodetectors can be high. A cost-effective flexible or deformable x-ray imager is very desirable for next generation DBT.
As an alternative to conventional a-Si:H p-i-n or a-Se photodiodes, OPD appears to be an potential candidate for next generation x-ray imagers due to the low-cost large-area fabrication process. 40, 41 In addition, the thin OPDs (<1 μm) can be fabricated on flexible/deformable substrates that could lead to next generation flexible/deformable x-ray imagers. 42 Bulk heterojunction (BJT) OPDs based on P3HT:PCBM are being intensely investigated for x-ray detectors. [23] [24] [25] [26] A low dark current of <10 −8 A/cm 2 , a high external quantum efficiency (EQE) of >60%, a rise/fall time in the millisecond range, an x-ray robustness of 15 Gy accumulated dose, and a suitable lifetime have been achieved, which are acceptable for tomosynthesis. 23, 24, 26 The current-voltage (I-V) characteristics of the P3HT:PCBM OPDs in dark ambient and under illumination as well as the EQE are shown in Fig.  2(a Fig. 2(b) ], which demonstrates its viability for indirect x-ray detection in combination with either of these two scintillators. Among various scintillators, CsI:Tl shows a high light output (∼6 × 10 4 photons/MeV), a fast response time (∼1 μs), a low refractive index (1.79), and a proper emission spectra (λ em ∼ 550 nm), 38 , 39 which appears to be an optimal choice as the scintillator in combination with the OPD. Besides, the columnar structure of CsI:Tl reduces lateral light scattering within the scintillator and can provide better MTF for a high resolution imager.
In this work, indirect x-ray detector using the P3HT:PCBM top-cathode OPD combined with the CsI:Tl scintillator is proposed. A commercial 150 μm structured high light output (HL) CsI:Tl scintillator deposited on a fiber optic faceplate (FOP), referred as a fiber optic scintillator (FOS), can be integrated on top of the imaging device. 46, 47 The scintillator can also be deposited directly over OPD as long as the deposition temperature is below 150
• C. An OPD using a 100 nm sputtered Au layer as the bottom anode and a very thin thermal evaporated Ca/Ag (3 nm/10 nm) layer as a semitransparent top cathode was reported. 25 Indium-tin-oxide (ITO) and a very thin LiF/Al layer can also be used as the anode and cathode, respectively. A P3HT:PCBM active layer (∼200 nm) was sandwiched in between two electrodes. 25 The solution processed P3HT:PCBM layer has to be fabricated on top of the hole-transporting interlayer to avoid being dissolved by any other solvents. Therefore, the topcathode OPD structure is suitable for this application. The interlayer materials can be poly (3,4-ethylenedioxythiophene) poly(styrenesulfonate) (PEDOT:PSS), 24 spray coated P3HT single layer, 23 or triarylamine-based. 25 The entire OPD structure and scintillator need to be encapsulated to prolong the lifetime. Instead of using a conventional PPS TFT backplane, an APS TFT array is proposed. The TFT array is covered by the large-area OPD using a vertically stacked architecture to achieve a pixel fill factor greater than 0.8 for a 75 μm pixel pitch. The cross-sectional view of the proposed APS x-ray detection system is shown in Fig. 3 . The pixel design and SPICE simulation of APS are discussed in Sec. 3.
ACTIVE PIXEL THIN-FILM TRANSISTOR BACKPLANE
3.A. Active pixel sensor
Current mammography/DBT systems are based on a single TFT passive pixel sensor. The PPS has demonstrated its success for mammography x-ray imagers due to the small pixel size (<100 μm) and high detector entrance exposure (∼10 mR). 5, 7, 18 However, for low dose and high resolution DBT applications, detection of the weak input pixel signal per projection is challenging. To realize low dose DBT, we need to achieve the following: (i) a low x-ray skin entrance expo- sure; (ii) a high x-ray to photon to electron conversion efficiency (a high input electric signal); (iii) a significant detector output signal; and (iv) low quantum and electronic noise. The pixel pitch of DBT detectors is limited to around 100 μm.
9, 10
The bottleneck of reducing the pixel size and dose simultaneously can be solved by the proposed indirect OPD/a-IGZO APS imager as follow: (i) The reduced skin entrance exposure (low patient dose) results in a low detector entrance exposure; (ii) the combination of CsI:Tl with a high x-ray to photon conversion efficiency (∼6 × 10 4 photons/MeV) and OPD with a high EQE (>60%) ensures a high input signal under low dose; (iii) the input electric signal is amplified by the APS at the pixel level by a large charge gain >30 resulting in a significant output signal; (iv) the TFT thermal noise, flicker noise, and the dominant external readout circuit noise can be eliminated by the APS; the low off-current of the proposed a-IGZO TFT further reduces the pixel circuit noise, while the quantum noise is reduced by the low x-ray exposure. The operation principle of APS is discussed below.
As an alternative pixel architecture, APS consists of three TFTs, namely, reset, readout, and amplifying TFT (T RST , T READ , and T AMP ), respectively. 20, 25 The APS circuit schematic with parasitic elements and external readout circuit is shown in Fig. 4 (a) . An APS pixel unit contains three TFTs and a photodiode with a capacitance (C PD ). C PD serves as a storage capacitor in proposed pixel circuit. The output current of an individual pixel flows through the data line, which contains a parasitic resistance (R DATA ) and capacitance (C DATA ). Finally, the output signal is stored on the feedback capacitor (C FB ) of the switched-capacitor amplifier (Burr-Brown ACF2101) used as the external readout circuit.
APS operation consists of three distinct modes: reset, integration, and readout. 20, 25 In the reset mode, T RESET is ON, while T READ is OFF. The voltage on V S node is set to V REF , which should be larger than the threshold voltage of T AMP . During the integration time, t int , a short-pulse x-ray projection induces a photocurrent by the scintillator photodiode combination. The x rays are converted to photons in the CsI:Tl scintillator with a quantum efficiency of 6.6 × 10 4 photons/MeV. The photons propagate inside the columnar needles to the OPD with good image fidelity. The photons are converted into electrical signal (induced charge) inside the OPD with an EQE > 60%. The induced charge is accumulated on C PD and raises the voltage on the V S node. In this stage, the quantum efficiency of the scintillator and photodiode, quantum noise (photon shot noise), OPD dark current shot noise, and TFT leakage current shot noise all contribute to the input SNR. After integration, T READ is turned ON and the output current (I OUT ) is flowing through the data line, with parasitic RC components, into the external readout circuit. The stored charge on the C FB is read line by line during the readout mode (t read ) by external electronics. Figure 4(b) gives an example of the driving/reading scheme of an APS x-ray imager. The top view layout and vertical cross-section view of a 100 μm forkshaped APS pixel is shown in Fig. 5 as an example. The forkshaped or half-Corbino TFTs can be used to maximize the channel width/length (W/L) of TFTs to achieve a large charge gain within a limited pixel area. The W/L of the T RESET , T AMP , and T READ are 25/5, 150/5, and 150 μm/5 μm, respectively.
APS provides a charge gain to amplify the input signal on the pixel level to minimize the influence of electronic noise from both internal pixel circuit and external readout circuit. [20] [21] [22] 25 The electronic noise elements of APS can be categorized into preamplifying noise and postamplifying noise. 20, 49 The preamplifying electronic noise includes the photodiode dark current shot noise, T RESET leakage current shot noise, and reset noise. 20, 49 These noise elements cannot be reduced by APS. The postamplifying noise contains ther- mal and flicker noise of T AMP and T READ , as well as the external readout circuit noise due to the operational amplifier. 20, 49 The postamplifying noise elements can be eliminated by proposed a-IGZO APS and result in an improved output SNR but will not improve the input SNR. The charge gain is defined by the ratio of the output charge variations ( Q out ) on the feedback capacitor (C FB ) to the accumulated input charges ( Q in ) on the photodiode capacitor (C PD ). The totally generated number of charges from APS is related to the output current (I OUT ) of T AMP and the readout time (t read ). Suppose the dimensions (W/L) of T AMP and T READ are the same and the output current is mainly determined by T AMP , the charge gain is given by
where g m is the transconductance of T AMP , μ eff is the fieldeffect mobility TFTs, W AMP /L is the channel width/length of T AMP , C ox is the gate capacitance per unit area, C PD is the capacitance of photodiode, V DS_AMP is the drain to source voltage of T AMP , and t read is the readout time. For V DS_AMP > V GS_AMP − V T , maximum gain can be achieved and Eq. (1) becomes
where V GS_AMP is the gate to source voltage of T AMP and V T is the threshold voltage of the T AMP . However, in this case, 
which is linear region condition. To achieve a large charge gain, two TFT parameters need to be optimized based on Eq. (1). First, the value of TFT channel width/length (W AMP /L) should be large. For high resolution x-ray imagers (e.g., 3200 × 4000 with a pixel pitch of 75 μm), the dimension of TFT (W AMP /L of T AMP ∼ 40 μm/ 5 μm) is limited by the small pixel size. In this case, the forkshaped 50 ( Fig. 5) or half-Corbino 51 TFT structure is a possible approach to achieve large W AMP /L within a small pixel area. Second, a high TFT field-effect mobility (μ eff ) must be used to achieve a large charge gain without enlarging the TFT dimensions and pixel size. Third, the readout time can be reduced using high mobility TFT technology combined with the indirect detector. Consequently, the reduced total scan time leads to reduced human motion and low dose if continuous x-ray illumination is used.
To evaluate the feasibility of different TFT technologies and optimize the pixel circuit design for proposed APS xray imager at the early stage, SPICE simulation is a powerful tool. In Sec. 3.B, the electrical properties of the APS pixel and readout circuits will be investigated. The charge gain can be extracted from simulation results.
3.B. Active pixel sensor pixel circuit simulation
The SPICE circuit simulations were performed using SIL-VACO SmartSpice simulator. First, the a-Si:H TFT characteristics were model by RPI a-Si TFT model. 29 Then the RPI a-Si TFT model was modified for a-IGZO TFTs. SPICE parameters of a-IGZO TFT were extracted by fitting the calculated curves to experimental measured TFT current-voltage (I-V) characteristics. 52 We used the SPICE model of diode in combination with a current source and photodiode capacitance for the OPD. The SPICE model for the switched-capacitor amplifier (Burr-Brown ACF2101) provided by the supplier 53 was also integrated in the circuit simulation. The electronic noise is not included in the simulation and will be discussed numerically in Sec. 3.C.
We first simulated the APS pixel circuit performance based on a-Si:H TFTs. The switched-capacitor amplifier is first turned ON and then the readout TFT (T READ ) is ON for 20 μs. 25 All the simulation parameters, TFT dimensions and driving scheme 25 referring to Fig. 4 (b) are listed in Table II . The pixel pitch (a pix ) is 75 μm, which is used to achieve a high Nyquist frequency (∼6.67 lp/mm). Smaller pixel size (e.g., 50 μm) can restrict the TFT dimensions (W/L), and charge gain. It also requires longer image acquisition time and larger storage space for the data file. Compared to the 100 μm pixel pitch, the total effective channel area of T AMP and T READ for a 75 μm pixel will shrink from 2 × 30 μm × 50 μm to 2 × 20 μm × 20 μm using the fork-shaped TFT structure. Hence the W/L of T AMP and T READ is normalized to 40 μm/5 μm. C PD is around 1 pF, which corresponds to the proposed organic photodiode capacitance of a single pixel; 25 if C PD is reduced, the gain will increase, but the dynamic range will be reduced. a-IGZO TFT technology is an ideal candidate for next generation medical imaging because of a high field-effect mobility (5-20 cm 2 /V s), a low flicker noise (α H ∼ 1.5 × 10 −3 ), a small TFT off-current (<10 −13 A), and a low-temperature fabrication process. 54, 55 The simulated output-input signal characteristics of a-IGZO TFT-based APS are shown in Fig. 7(a) using the same driving schemes as shown in Fig. 4(b) . We change the field-effect mobility value from 5 to 20 cm 2 /V s [which can be easily realized by amorphous metal-oxide TFTs (Refs. [54] [55] [56] ] to evaluate the relationship between APS charge gain and TFT mobility. A charge gain of at least 31 is achieved and the maximum value can be above 100 if a large mobility (20 cm 2 /V s) (Ref. 56) of metal oxide TFTs is selected. Further increase in the charge gain leads to saturation of the feedback capacitor (C FB ) without additional signal detection. The charge gain linearly increases with a-IGZO TFT mobility as shown in Fig. 7(b) , which is consistent with Eq. (1). It is also found using simulation that if T AMP is chosen to be operating in the saturation region, the output-toinput charge signal relationship is nonlinear. To maintain the signal linearity, we choose T AMP to be operated in the linear region. We have already reported a fabricated a-IGZO APS with the charge gain ∼25 (normalized to ∼30 with 75 μm pixel pitch). 57 The a-IGZO TFT mobility of the fabricate APS circuit is 5.6 cm 2 /V s. The normalized experimental data of both a-Si:H (Ref. 25 ) and a-IGZO TFT APS (Ref. 57) are also plotted in Fig. 7(b) . Based on both experimental and simulation results, the charge gain of a-IGZO TFT APS is at least ×10 higher than a-Si:H TFT APS with same device and pixel dimensions. The large charge gain of a-IGZO APS can minimize the influence of the electronic noise.
In addition to the large charge gain achieved by a-IGZO APS, Fung et al. reported that the low frequency flicker (1/f) noise of a-IGZO TFTs is lower compared to a-Si:H TFTs. 55 The a-IGZO TFT Hooge's parameter (α H ) extracted from the 1/f noise measurement is 1.5 × 10 −3 , which is comparable to that of the poly-Si TFTs. 58 Compared to the α H value of aSi:H TFTs (3 × 10 −3 < α H <1.2 × 10 −2 ), 55, 59, 60 the low α H of a-IGZO TFTs makes them attractive for low-noise applications such as DBT.
Another candidate for APS-based medical imaging system is poly-Si TFT. 21, 22 Detailed comparison of the APS pixel circuit electronic noise using a-Si:H, poly-Si, and a-IGZO TFT technologies is discussed in Sec. 3.C.
3.C. APS pixel circuit electronic noise
Each electronic noise element is modeled and calculated based on reported APS noise model developed by Karim et al. 20 First, the OPD dark current shot noise is given by 49 σ PD,shot = I dark t frame /q,
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where I dark (∼4.89 × 10 −13 A) is the dark current of OPD (calculated using the dark current density of 10 −8 A/cm 2 , a pixel pitch of 75 μm, and fill factor of 0.87) and t frame is the frame time (145 ms).
Similarly, the T RESET leakage current shot noise is given by 49 σ TFT,shot = I off t frame /q,
where I off is the TFT leakage current (off-current). Leakage current of 10 −12 , 2 × 10 −12 , and 5 × 10 −14 A is used for aSi:H, poly-Si, and a-IGZO TFTs, respectively. 50, 54, 61 If double sampling is implemented, the reset noise for APS is given by
where k is the Boltzmann constant, T is the Kelvin temperature, and C pix (∼1 pF) is the input pixel capacitance, which is dominated by C PD . The input referred preamplifying pixel noise, which cannot be removed by APS, is given by
In this work, since both the T AMP and T READ operate in the linear region, the noise power spectral density of thermal noise for T AMP and T READ is given by
where k is the Boltzmann constant, T is the Kelvin temperature, C ox is the gate capacitance per unit area (∼17 nF/cm 2 ), W, L, and V GS are the channel width, length, and the gate to source voltages of T AMP and T READ , and V T is the TFT threshold voltage (∼5 V in the simulation). All the driving voltages and device dimension parameters can be found in Table II . The corresponding thermal noise equivalent electrons of T AMP and T READ (σ Thermal,AMP and σ Thermal,READ ) can be calculated by integrating the noise power spectral density over the noise bandwidth of a first-order low-pass filtering circuit using the method and equations developed by Karim et al. 20 The noise calculation for T AMP is modified for linear region operation.
The noise power spectral density of flicker noise for T AMP and T READ operating both in the linear region are given by 55 
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where α H is the Hooge's parameter (α H equals to 10 −2 , 10 −3 , and 1.5 × 10 −3 for a-Si:H, poly-Si, and a-IGZO TFTs, respectively), 55, [58] [59] [60] V GS and V DS are the gate to source voltage and drain to source voltage of T AMP and T READ , and f is the frequency. The flicker noise equivalent electrons σ Flicker,AMP and σ Flicker,READ can be calculated by integrating the noise spectral density over frequency adopted from the model developed by Karim et al. 20 The external readout circuit noise (σ amp ) is mainly generated by the switched-capacitor amplifier. The readout circuit noise can be modeled as having a fixed noise component of the amplifier (σ amp0 ) in addition to capacitance dependent component (δC d ) (Refs. 20 and 62)
where σ amp and δ are an amplifier's characteristic constants. C d is the capacitance loading at the amplifier's input node, which mainly includes the capacitance on the data line, C DATA [ Fig. 4(a) ]. For the specific low-noise amplifier, σ amp0 and δ are found to be 250 e and as 15 e/pF, respectively. 20 The dominant contribution to C DATA is the total parasitic capacitance from the overlap area between each gate line and data line. C DATA is typically in the order of 100 pF. 20, 62 The output referred postamplifying pixel noise is given by
The input referred postamplifying pixel noise, which can be significantly reduced by APS, is given by output referred postamplifying pixel noise divided by the APS charge gain (σ post-AMP,in = σ post-AMP,out /G). Finally, the total input referred noise is given by the square root of the quadratic sum of the input referred preamplifying and postamplifying noise.
We are comparing the input referred noise equivalent electrons for a-Si:H, poly-Si, and a-IGZO APS in Fig. 8 . All the noise elements discussed above are included in the calculation. The photodiode dark current density is 10 −8 A/cm 2 referring to that of OPD, 23 which is used for a-Si:H, poly-Si, and a-IGZO APS. The mobility of a-Si:H, poly-Si, and a-IGZO TFTs is set to be 0.5, 100, and 10 cm 2 /V s, corresponding to charge gains of 3.3, 664, and 69 for a 75 μm pixel pitch, respectively. The calculated charge gain is consistent with that of SPICE simulation. The calculated total input referred noise for a-Si:H, poly-Si, and a-IGZO APS is 2178, 1618, and 912 e, respectively.
First, for a-Si:H APS, as shown in Fig. 8 , both the preamplifying noise and postamplifying noise are significant. The preamplifying noise is dominated by the TFT leakage current shot noise of T RESET (952 e) due to the high leakage current of ∼10 −12 A. It is demonstrated that the postamplifying noise of a-Si:H APS remains high because of a low field-effect mobility (∼0.5 cm 2 /V s) and a low charge gain (∼3). Therefore, the total electronic pixel circuit noise of a-Si:H APS is high. The a-Si:H TFT APS cannot be used for DBT because of its low carrier mobility, limited charge gain, and large threshold voltage shift 63 during operation. Izadi et al. optimized the aSi:H APS using theoretical calculations and reported total input referred noise of <1000 e. 64 To achieve such low value, a small pixel capacitance of <100 fF has to be used to achieve a larger charge gain for a-Si:H APS. However, such low capacitance value is not suitable for DBT due to the dominating capacitance of OPD (∼1 pF) and will result in a limited dynamic range owning to a small maximum detectable signal. For typical DBT detectors with a pixel capacitance of ∼1 pF, the optimized a-Si:H TFT dimension is W/L = 100 μm/5 μm. 64 Therefore, we conclude that a-Si:H APS cannot be used for high resolution DBT due to a large TFT dimension.
For poly-Si APS, the significant charge gain (∼664) effectively removes the postamplifying noise. However, a high TFT leakage current (∼2 × 10 −12 A) results in a high TFT leakage current shot noise (1346 e), which cannot be removed by APS. Antonuk et al. have demonstrated that there was little improvement in the signal-to-noise properties of poly-Si APS prototype imagers due to their high level of electronic noise. 22 They claim that the grain boundaries of polysilicon contain numerous trap states, which are associated with a large leakage current (high TFT shot noise), a high 1/f noise, and a poor electrical property (threshold voltage, mobility, and current leakage) uniformity. 22 The imaging performance of fabricated poly-Si APS array is consistent with our noise modeling results. Because the polycrystalline nature cannot be modified, the poor SNR will prevent poly-Si APS to be used for DBT using existing poly-Si TFT technology.
As shown in Fig. 8 , the minimum input referred electronic noise is achieved by a-IGZO APS. For a-IGZO TFTs with a field-effect mobility of 10 cm 2 /V s, the calculated charge gain is around 69. This value is consistent with the SPICE simulation results in Fig. 7 . The charge gain is sufficient to eliminate the postamplifying noise (137 e). In addition, the low off-current of a-IGZO TFTs (5 × 10 −14 A) (Ref. 48 ) reduces the preamplifying noise (901 e). The total noise is only 912 e, which is suitable for low-dose DBT. The a-IGZO APS total electronic noise can be further reduced to 658 e if the OPD dark current is reduced to 10 −9 A/cm 2 . The APS noise can be optimized when the driving scheme, device structure, and layout are optimized for a given application such as DBT, which is outside of the scope of this paper. Already Sony Corporation demonstrated excellent a-IGZO TFT uniformity and reliability with a low leakage current and noise. 65 Finally, the low process temperature favors the fabrication of a-IGZO TFTs on flexible or deformable substrates, 54, 66 which is attractive to future flexible x-ray imaging applications. 67 
NOISE AND DETECTIVE QUANTUM EFFICIENCY
4.A. Cascaded system model
To analyze the electrical performance such as noise and DQE of the a-IGZO APS AMFPI, the cascaded system analysis 18, [30] [31] [32] 36 is an effective and reliable approach. The model was described in detail by Siewerdsen et al. by considering the noise transfer as gain and spreading stages. 18 For a gain stage, the noise power spectra of stage i (S i ) as a function of spatial frequency is determined by the average gain (ḡ i ), the mean fluence of input quanta (q i−1 ), gain variance (σ gi ), and additional electronic noise element in the stage (S add ),
The spreading stages represent the image blurring due to input quanta spreading over the spatial frequency in two dimensions. For a stochastic spreading stage, the input signal is blurred due to light scattering. This is the case for the scintillator scattering effect. The noise transfer for a stochastic spreading stage is
where q i−1 represents the uncorrelated component that is not affected by the spreading stage, and T i (u,v) is the MTF of the ith stage. On the other hand, for a deterministic spreading stage, the NPS is directly blurred by a MTF,
The deterministic spreading corresponds to the image blurring by the presampling pixel MTF in the fifth stage, T 5 (u,v), in the tomosynthesis system. The complete noise transfer of the system can be described by a series of gain and spreading stages modeled by the cascaded system analysis. The flow chart of the cascaded system is shown in Fig. 9 .
The APS amplifies both the quantum noise and the preamplifying electronic noise by the charge gain (ḡ 6 ). 20 Thus, the output referred NPS as a function of spatial frequency of the entire DBT system in the unit of e 2 mm 2 can be derived to be where a pd is photodiode active area considering the pixel fill factor,ḡ i and T i are the gain and MTF of stage i, ε g 2 is the Poisson excess of gain stage 2, S pre-AMP and S post-AMP are the output referred NPS of preamplifying and postamplifying pixel electronic noise, respectively. Both the quantum noise (photon shot noise) and electronic noise are included in the model. The quantum noise is given by the first term in Eq. (14) . The output referred individual pixel variance of the system can be obtained by integrating the NPS over the spatial frequency,
The MTF of the system is given by
where T 3 represents the MTF due to the scintillator scattering effect and T 5 is the MTF associated with the pixel aperture. We have
where H is a parameter describing the scattering effect of the scintillator. The DQE of the system is determined by the square ratio of the output SNR to the input SNR. The DQE of the proposed APS x-ray imager is (14)] are the MTF and NPS of the system, respectively. The output electrons can be converted to voltage, which is then converted to a digital number (output digital signal).
The results of the noise and DQE modeling using the cascaded system are shown in Sec. 4.B-4.D. All the key parameters associated with the cascaded system model are listed in Table III . The parameters associated with the x-ray source and the scintillator were reported by El-Mohri et al. 36 corresponding to a 26 kVp incident x-ray beam and high light output (HL) CsI:Tl scintillator 46 used for mammography and tomosynthesis. The scintillator deposited on a fiber optic plate was used to extract those parameters. The scintillator gain of the HL CsI:Tl is limited by the low optical transmission (∼60%) of the fiber optic plate. 36 Direct deposition of the CsI:Tl scintillator on top of the OPD will achieve a high scintillator gain of ∼520 photons/x-ray (ḡ 2 ). The APS charge gain of stage 6 is 3.3, 69, and 664 for a-Si:H, a-IGZO, and poly-Si APS, respectively. The pixel FF using the vertically stacked OPD/APS TFT backplane structure is 0.87, while the FF of conventional in-plane PPS is ∼0.45 for a 75 μm pixel pitch.
4.B. Noise of the a-IGZO active pixel sensor imager
APS pixel circuit is proposed to reduce the total pixel noise, which contains both the quantum noise (photon shot noise) and electronic noise. The quantum noise and the preamplifying APS electronic noise cannot be eliminated by APS, while the postamplifying noise can be minimized. Figure 10 shows the input referred total pixel noise of the proposed AMFPI with a pixel pitch of 75 μm as a function of exposure. The same OPD is used for all devices. The calculation is based on the cascaded system [Eq. (15) ] discussed in Sec. 4.A. The input referred noise variance is calculated by the output noise divided by the charge gain. The detector entrance exposure range is from 10 mR, which is an average of mammography exposure, to 10 μR, which is comparable to the exposure of normal fluoroscopy. 62 The general exposure of tomosynthesis is around 1 mR. 62 We pushed the lower end of exposure to 0.1 mR to investigate the feasibility of reducing the patient dose during tomosynthesis. The performance of a-Si:H, poly-Si, and a-IGZO APS AMFPIs is compared with that of conventional a-Si:H PPS AMFPI. The calculated electronic noise elements of a-Si:H, poly-Si, and a-IGZO APS imagers, as shown in Fig. 8 , are integrated into the cascaded system modeling. The result shows that the quantum noise is dominant for a high exposure (>1 mR) condition such as mammography. For a low exposure (<1 mR) condition for DBT, the noise is dominated by the electronic noise. The total noise of a-Si:H APS imager is comparable to that of the a-Si:H PPS imager because of its low carrier mobility, which is not sufficient to reduce the APS postamplifying electronic noise. The poly-Si TFT leakage current results in a high preamplifying APS noise, which cannot be eliminated. The a-IGZO APS imager shows a superior noise performance compared to a-Si:H and poly-Si APS because of a high TFT mobility (high charge gain) and a low TFT leakage current. Therefore, the proposed a-IGZO APS is suitable for low dose DBT. The APS noise can be further reduced, if the dark current of OPD can be reduced to by one order of magnitude. As shown in Fig. 7 , the reset noise becomes dominant if the OPD dark current is minimized. Based on this analysis, OPD dark current in the range of 10 pA/cm 2 to 1 nA/cm 2 is required for DBT. In comparison, the a-Si ITO/p-i-n/Mo photodiode dark current density is about 40 pA/cm 2 (@ −1 V).
4.C. Detective quantum efficiency of a-IGZO active pixel sensor imager
DQE is calculated using Eq. (19) to analyze the detector performance. The small pixel size (75 μm), small pixel fill factor (0.45), low tomosynthesis x-ray exposure, and large electronic noise result in a low DQE for conventional a-Si:H PPS imager [ Fig. 11(a) ]. The DQE of PPS imager is vanishing especially for higher spatial frequency (>5 lp/mm). The issue of a low DQE for PPS imager caused by a low SNR can be solved by replacing the PPS by the APS imager. We compare the DQE of a-Si:H, poly-Si, and a-IGZO APS AMFPIs using the same OPD vertically stacked on top of the TFT backplane resulting in a FF of 0.87. The proposed a-IGZO APS imager shows excellent DQE values at both zero spatial frequency [DQE (0)] and at Nyquist frequency [DQE(f Nyquist )] due to its low pixel noise (<1000 e) and significant signal. From Fig. 11(b) , DQE (0) and DQE(f Nyquist ) both increase with TFT field-effect mobility. Both DQE(0) and DQE(f Nyquist ) saturate if TFTs with field-effect mobility of 5 cm 2 /V s are used. This can be easily achieved using proposed a-IGZO TFTs. The corresponding charge gain for μ eff = 5 cm 2 /V s is ∼30 as shown by both simulation and experimental 57 results. DQE(f Nyquist ) is around 0.2, which demonstrates that the Nqyuist frequency of ∼6.67 lp/mm can be resolved using a 75 μm a-IGZO APS x-ray imaging system. The imaging performance can be further improved if the dark current of OPD can be reduced. The high DQE for spatial frequencies from zero to f Nyquist makes a-IGZO APS an excellent candidate for next generation high resolution DBT imagers.
The limiting resolution of detectors is determined by the Nyquist frequency that is influenced by the pixel size. The Nyquist frequency can be improved from ∼5 to ∼6.67 lp/mm, if a 75 μm APS pixel pitch is used. To further improve the resolution to ∼10 lp/mm, the pixel size has to be decreased to 50 μm. The calculated MTFs with different pixel pitch are shown in Fig. 12(a) . The MTF at higher spatial frequency improves for smaller pixel size. Both the scintillator blurring (18)] are considered in the calculation. The DQE under high spatial frequency for a-IGZO APS imager is plotted in Fig. 12(b) . Obtained results demonstrate that the image resolution of a-IGZO APS imager can be improved by reducing the pixel pitch. The Nyquist frequency is ∼10 lp/mm for a 50 μm pixel pitch. A pixel size of 75 or 50 μm is recommended for DBT. However, smaller pixel pitch requires smaller line width, which could affect large area imagers. It could be difficult to realize a large W/L within a small pixel area (50 × 50 μm), which will result in a limited charge gain. In this case, a high mobility TFT technology such as aInSnZnO (a-ITZO) in combination with advanced TFT structure such as half-Corbino or dual-gate TFT can be used to realize a large charge gain within a small pixel area. 56 On the contrary, simply shrinking the PPS pixel size will not increase the imager resolution. This is due to a high electronic noise and a small pixel fill factor. Therefore, DQE (0) will be reduced with no improvement in resolution of PPS imager with smaller pixel size. Therefore, we can conclude that spatial frequency above 5 lp/mm cannot be resolved using the conventional PPS imager.
4.D. Dose reduction in DBT
Today the MGD during tomosynthesis is still high (0.67-3.52 mGy) (Ref. 6 ) and needs to be reduced. The dose can be reduced by reducing the patient x-ray exposure. At the same time, the detector entrance exposure (x-ray impinging the detector surface after travelling through the patient) will also be reduced accordingly. We explore the a-Si:H PPS and a-IGZO APS imaging performance under a low detector entrance exposure (<1 mR). In Fig. 13(a) , DQE variation of APS AMFPI for x-ray exposure ranging from 0.1 to 1 mR is shown. The field-effect mobility of a-IGZO is 10 cm 2 /V s. For comparison purpose, the data for a-Si:H PPS are also shown. The current DBT exposure (∼ 1 mR) can be reduced to 0.3 mR without a significant reduction of the DQE using the a-IGZO APS imager. The DQE of a-IGZO APS imager under a low exposure (0.3 mR) is at least 2× greater than that of a-Si PPS imager under a standard DBT exposure (1 mR). The image quality of x-ray imager is determined by the output signal-to-noise ratio (SNR out ) as shown in Eq. (13) . Figure 13(b) shows that the SNR out of the proposed APS imager under 0.3 mR is comparable to that of conventional PPS imager at a much higher xray exposure (1 mR) indicating nondegraded image quality at low dose. In combination with recent advances in reconstruction method to increase the SNR out , 68 we expect that the patient dose can be reduced by threefold from ∼1.3 mGy (avg.) to 0.4 mGy for proposed x-ray imager. However, the dose cannot be reduced using the a-Si:H PPS based x-ray detector because of a poor DQE and SNR out at low dose (<1 mR).
DISCUSSION AND CONCLUSION
Conventional a-Si:H TFT PPS is suitable for mammography due to a high x-ray exposure (10 mR) for a single projection. However, for the multiprojection DBT, the average exposure for a single projection is reduced to around 1 mR to keep overall exposure comparable to mammography. The electronic noise is significant for a small pixel size and a low dose conditions. To detect the small signal, the pixel size is limited to around 100 μm and cannot be further reduced. Moreover, the x-ray exposure for current DBT products is high, which leads to a high patient dose during tomosynthesis.
